Abstract: Optical microresonator biosensors have proven to be a valid tool to perform affinity analysis of a biological binding event. However, when these microresonators are excited with a single optical mode they can not distinguish between a thin dense layer of biomolecules or a thick sparse layer. This means the sensor is "blind" to changes in shape of bound biomolecules. We succeeded in exciting a Silicon-on-Insulator (SOI) microring with TE and TM polarisations simultaneously by using an asymmetrical directional coupler and as such were able to seperately determine the thickness and the density (or refractive index) of a bound biolayer. A proof-of-concept is given by determining both parameters of deposited dielectric layers and by analysing the conformational changes of Bovine Serum Albumin (BSA) proteins due to a change in pH of the buffer.
Introduction
The number of applications to the U.S. Food and Drug Administration (FDA) for new drugs has decreased from 45 in 1996 to 23 in 2010 [1] . Combined with a more than twofold increase of the combined American and European investments in pharmaceutical R&D [2] , it is clear that the ruling paradigm for drug research is no longer an efficient one. In the wake of these alarming conclusions, the FDA launched the FDA Critical Path Initiative in 2004 to address the increasing difficulty and unpredictability of medical product development [3] . In a 2011 Nature Chemistry Insight [4] , the authors state that the reason for the high failure rate in drug development can be found in the lack of appropriate high-throughput tools to study molecular behaviour at an analytical and biophysical level of the drug candidates we produce. This is in contrast to the current, more empirical screening of drug candidates. Specifically, cell metabolism and the failure thereof is often governed by subtle changes in the conformation (i.e. shape) of protagonist proteins or enzymes. Current degenerative diseases (Alzheimer, Huntington, Parkinson, etc.) that prove difficult to produce effective drugs for, often find their cause in this misfolding of crucial proteins [5] .
To accommodate these needs of the pharmaceutical industry, we propose a high-throughput sensor system that can detect conformational changes of proteins. A promising actuator with multiplexing capacities that has received increasing attention during the past few years is an optical microring resonator, designed for the Silicon-on-Insulator (SOI) platform [6, 7] . By putting many of these ring resonator sensors in a dense array on a single chip, it is suitable for high-throughput screening. Detection limits of this platform are ranging from 0.3 pg/mm 2 to 3 pg/mm 2 , comparable to surface plasmon resonance sensors [8] . These single-mode sensing systems generally track surface-bound mass as a function of time and as such, provide information on binding dynamics such as binding affinity constants. The perturbation of the effective index (n e f f ) of this optical mode due a layer of bound molecules is transduced to a measurable entity and is dependent on both the thickness of the layer and its refractive index.
An inherent limitation to all label-free optical sensing technologies that use a single optical mode, is that they can not distinguish between a thin dense biolayer and a thick sparse layer. Hence they only provide information about bound mass or the concentration in a solution. However, by simultaneously determining the thickness(t) and the refractive index(n) of a biolayer, we would obtain information on the contextual conformation of biomolecules. To track both t and n, we propose to excite the microring sensor with two optical modes simultaneously such that we obtain a two-equation system for these two independent variables, as opposed to the single equation we obtain by using only one mode. A similar dual polarisation technique has been used in conjunction with interferometric sensing (DPI) [9] , confirming the ability to analyse conformational changes in protein binding events [10] . However, this technique lacks multiplexing abilities and a high-throughput and is suffering from a large footprint, making it less suitable for drug development purposes. Recently this technique has also been applied in the field of plasmonics [11] , where higher optical losses are inevitable due to the presence of metal, which limits the limit of detection. In [12] a similar technique based on microring resonators is characterised via simulations, showing its theoretical potential for retrieval of t and n of a bound layer. However, the authors propose a design based on two separate microrings, which has contributions to noise and uncertainty in determining t and n, which are inherently not present in a single microring design, as is proposed in this paper. These noise contributions come from possible variations in binding parameters of a biomolecule layer from one ring to the other, variations in microfluidic conditions and geometrical variations in the microrings due to fabrication tolerances.
Working principle and sensor design

Working principle
The SOI microring is in essence a photonic wire, which is fabricated according to the lithographic process described in [13] . This causes the height of the waveguide to be fixed at 220 nm. All following simulations are done with a height of 220 nm and with an excitation wavelength of 1550 nm. The cross section of this waveguide consists of a silicon rectangle with water cladding on top of a buried oxide layer. This asymmetry causes the microring to be highly birefringent. The two optical modes that excite the microring are the fundamental quasi-TE and the fundamental quasi-TM mode. In the remainder of this text, we shall call these modes TE and TM modes for ease of notation. The resonance wavelength of these two modes in the microring cavity is determined by the effective index of the mode n e f f , the length of the cavity L and the order of the mode m: Due to birefringence, the field profile of these two modes is different. This profile is translated to a scalar value by means of n e f f , which in turn determines the resonance wavelength, causing the modes to resonate at different wavelengths. These modes interrogate the biolayer at the surface by means of their evanescent tail, that penetrates into the cladding of the waveguide. The capturing of biomolecules on the microring surface is reflected by an increase in n e f f and thus implies a shift in the resonance wavelength, which is governed by the following equation:
In this equation ∆n e f f (n,t) represents the change in effective refractive index of a specific mode due to the presence of the protein layer, λ is the resonant wavelength, while ∆λ (n,t) is the shift of this wavelength due to the protein layer. The group index is represented by n g and its inclusion ensures that first order dispersive effects are taken into account. Figure 1 shows the sensitivity of both modes to a change in layer thickness, expresssed as ∂ λ res ∂t as a function of the width of a waveguide, with t the thickness of the biolayer. The width of the microring waveguide should be such, that only the fundamental TE and fundamental TM modes are guided. Simulations with the commercial photonic eigenmode solver Fimmwave show that these conditions are fulfilled when W > W 1 = 361 nm and W < W 2 = 586 nm. Figure 1 shows that in this region of interest, the TM mode is more sensitive to changes in the thickness of the layer.
The temperature dependence of the TE and TM modes have been determined experimentally and amount to 63 pm/K for the TE and 34 pm/K for the TM mode. The sensitivity to bulk index variations and the penetration depths of both modes have been determined via simulations based on the calibrated waveguide dimensions used in the following BSA experiment. The sensitivity to bulk index variations for the TE mode amounts to 57nm/RIU and 222nm/RIU for the TM mode. The penetration depth is defined as the distance over which the energy density of the modes decrease by a factor 1/e and this amounts to 60 nm for the TE mode and 114 nm for the TM mode.
Extraction of (t,n) of the biolayer
The measurement setup tracks λ T E and λ T M during the experiment. In order to extract (t,n) of the protein layer, we require a set of 2 equations linking the resonance wavelength shifts with these 2 biological parameters:
In order to determine f and g, we perform a set of electromagnetic simulations using Fimmwave to calculate these shifts when sweeping over different values of n and t. We subsequently fit an analytical model to these sweeps, which is then used to numerically determine n and t from the measured shifts. We use a similar technique as described in [14] for high-index contrast waveguides as a starting point to obtain this model:
where ∆n(x, y) is the perturbation of the refractive index profile due to the protein layer, such that the denominator is only non-zero in the protein layer. We can solve Eq. (6) using standard waveguide theory [15] , but we need to take care not to introduce too many free parameters, as this would result in overfitting to numerical inaccuracies of the mode solver. Therefore we propose the following pseudo 2D analytical model, with n and t the refractive index and thickness of the biolayer and n b the refractive index of the buffer solution:
The functions f p and f b are the contributions from the protein layer and the buffer cladding. Each of these has a contribution from the top surface, indexed with t, and a contribution from the sidewalls, indexed with s. The normalized amplitudes at the interface between buffer and proteins A t,b and A s,b are determined by A t,p and A s,p using boundary conditions, such that there are 4 parameters to fit per mode: n e f f , A t,p , A s,p and B. To retrieve these parameters, the wavelength shift of both modes is simulated for t = 0 − 200 nm and ∆n = 0 − 0.2 RIU for a wire waveguide as depicted on Fig. 2(a) . We use refractive index unit (RIU) is a unit for the dimensionless refractive index throughout this text. These simulated shifts can then be fit to the model using a least-square metric with physical constraints on the parameters. The results of this fit is shown in Fig. 2(b ). An R 2 goodness-of-fit of 0.9998 is obtained, confirming the validity of this model.
Influence of noise on measurement accuracy
With this solving framework we can make an estimate of the error of the system, arising due to noise on the determination of the resonance wavelength. There are various contributions to this wavelength noise from different elements in the measurement setup, such as temperature fluctuations, laser instability while sweeping the wavelength, thermal noise and shot noise from the camera capturing the light. To quantify the noise of our system, we have streamed phosphate buffered saline (PBS) at 30 µl/min over the sensor array for 11 minutes, gathering 47 resonant wavelengths per mode. We have quantified the noise as the standard deviation on a linear curve through these measurements, to correct for time dependent linear drift. We have experimentally obtained this noise as 220 fm for the TM mode and 246 fm for the TE mode. This is in good agreement with the noise determined in [7] for a TE mode, where a similar microring and lithographic fabrication process is used. The error in determining (t,n) is calculated as a function of the waveguide width, based on Gaussian wavelength noise with 220 fm standard deviation for both modes. These errors are determined for a protein layer with n = 1.41 − 1.45 RIU [16] and t = 2 − 9 nm. The average error for a specific waveguide width is depicted on Fig. 3 .
Previously, we determined the region of interest for W as 361 nm < W < 586 nm. However, for widths closer to 361 nm, the difference in n e f f between both modes decreases such that the mutual coupling increases in the bends of the microring [17] . The reduced width also causes the propagation losses to increase, which results in a decrease of the Q-factor of the cavity. These considerations lead to a choice of W between 460-560 nm. In this region, the average error does not differ much and amounts to 25-30 pm for t and 0.8 · 10 −3 -1.0 · 10 −3 R.I.U. for n. It has been shown that conformational changes of proteins can be measured with a similar resolution in [18] .
We have also looked into the possible error that might occur when the coverage at the side of the waveguide is not equal to the coverage at the top. Simulations have shown that assuming unequal coverage either results in unphysical extracted quantities for n and t, or in results which differ by less than 5%. To completely eliminate this uncertainty, we are currently designing a next-generation device where the sidewalls of the ring are embedded in silicon dioxide, such that proteins can only bind to the top.
Sensor design
In order to excite both polarisations simultaneously we take advantage of the vertical asymmetry of the waveguide. According to [19] the vertical mirror symmetry plane gives rise to two distinct polarisations, one with the electric field confined in this symmetry plane (TE polarisation) and one with the electric field perpendicular to this plane (TM polarisation asymmetrical directional coupler is suggested that can couple TE light to TM light in an adjacent waveguide by using two waveguides with different widths, such that n e f f ,T E ≈ n e f f ,T M and the modes are approximately phase-matched. A microring which has an asymmetrical coupling section has been examined in [21] , where it was shown that a TE mode in the access waveguide can successfully excite a TM mode in the ring waveguide. However, if the gap in the coupling section is sufficiently small, the TE mode in the access waveguide can also excite the TE mode in the ring waveguide, even though they have a substantial phase mismatch. Indeed, the large modal overlap when the waveguides are very close can compensate for this phase mismatch.
To determine the optimal waveguide dimensions of the ring and the coupling section, we take into account the considerations of the previous section, where we determined that for a microring with a width 460 nm < W < 550 nm we obtained a minimal error on (t, n). For the access waveguide, we need W > 270 nm, such that the fundamental TE mode is still guided by the waveguide, as can be seen on Fig. 1 . The waveguide of the microring was designed to have a width of 550 nm, such that with an access waveguide that is 290 nm wide, a small theoretical phase mismatch was achieved between the TE mode of the access waveguide and the TM mode of the ring waveguide of ∆n = 0.0481. On Fig. 4(a) , this phase matching is illustrated.
Once the sensor was fabricated, fiber to fiber measurements were performed with water as cladding. The measured spectrum is shown in Fig. 4(b) , where the two sets of resonances are visible, each with a different free spectral range (FSR). Figure 5 shows a SEM top view of the microring and a cross section of the coupling section. On the top view of the microring we can see that the access waveguide quickly bends away after the coupling section, such that this section is only 1 µm long. This is done in order to reduce the influence of non-uniform protein binding on the microring behaviour. The cross section shows that for a gap of 65 nm the non-phase-matched coupling of the TE mode of the access waveguide to the TE mode of the ring waveguide can succeed. This gap has been achieved by designing the coupling section with a 120 nm gap on the lithographic mask. Due to optical proximity effects, the gap of the fabricated microring is smaller. Coupling sections with a gap greater than 65 nm have also shown to couple both modes efficiently.
Calibration protocol
To extract the thickness of the adsorbed protein layer t and the refractive index of this layer n from (∆λ T E , ∆λ T M ), we use the extraction scheme as explained in the previous section. There are two caveats, however. In order for the equations to solve to realistic values of t and n, we have to set the width W and height H of the waveguide, as well as the refractive index of the running buffer n b in the simulations. Due to fabrication tolerances the W and H has to be determined experimentally. A schematic of this calibration protocol is presented in Fig. 6 .
Note that W and H are set by the calibration procedure in such a way so as to get accurate results for t and n, and are only abstractions of the true geometry (which could e.g. exhibit slanted sidewalls). W and H could also be obtained from measurements with SEM, but this would not serve as a calibrating mechanism for the simulations. Also, this is a destructive technique, complicating the experiment as well as introducing substantial uncertainty in t and n due to an error of 10 nm on the determination of W and H.
To calibrate the sensor, a three-step sequence of deionised (DI) water, running buffer and DI water is flowed over the sensor prior to the experiment. Each fluid is streamed over the sensor for 10 minutes. When water is flowing over the sensor, the free spectral range (FSR) of both modes is extracted from the spectra. Since DI water has a well-known refractive index, we can use the FSR of the TE and the TM mode to determine W and H [12] . Next, the shift of a resonance wavelength of the TE mode when the fluid is switched from water to buffer provides the refractive index of the buffer. Directly afterwards, the actual experiment can start. The recorded shifts during the protein experiment can now be adequately solved to the unknown physical quantities t and n. In what follows, the calibration procedure will be explained in detail using the BSA experiment of the next section as numerical example.
To calibrate W and H we use the following equation to obtain the group index (n g ) of both modes from the measured FSR:
where L is the length of the microring cavity. Using Fimmwave, we construct surfaces n g,T E (W, H) and n g,T M (W, H) and fit these to a second order model in (W, H). For a parameter space spanning 25 nm for H and 100 nm for W , we obtained a goodness-of-fit of 0.99997 for TE and 0.99991 for TM. This high goodness-of-fit is explained by the high linearity of the group index of the TE mode in W , while the group index of the TM mode is highly linear in H. Physically, these high linearities to either W or H originate from the orthogonality of both modes. The TE mode feels a much higher influence of a change in width, as opposed to a change in height. The opposite conclusions are drawn for the TM mode. When these curves are obtained, the measured FSR of both modes can be used to determine W and H. The noise that is present in these measurements propagates to the determination of W and H. Figure 7 shows that the mean width and height of the ring waveguide are W = 491.7 and H = 210.7. The 3σ deviations during the 10 minutes where water is flown over the sensor amount to 98 pm for W and 26 pm for H. These uncertainties on the simulation parameters imply an uncertainty on the determination of the thickness and refractive index of the protein layer. Both 3σ deviations for W and H were used to calculate a maximum error on thickness of 20 pm and a maximum error on refractive index of 0.62 mRIU. The subsequent BSA experiment was used to estimate these errors. These numbers do not take systematic errors in the fitting procedure into account.
We see that the errors due to calibration uncertainties are almost equal to those due to measurement noise obtained in section 2.3. These results are to be compared to dual polarization interferometry (DPI), which claims a resolution of 100 pm in the context of protein measurements in [22] and a maximum estimated error of 0.003 RIU on refractive index and 25 pm on thickness for measuring dielectric layers of 8 nm height with the enhanced multiple path length DPI [23] .
With these calibrated waveguide dimensions, a simulation can be done to estimate the sensitivity of the TE mode to changes in the refractive index of a bulk fluid. In Fig. 8(a) the resonance wavelength shift due to a change in buffer refractive index with respect to water is shown. The high linearity for small changes is visible and amounts to a sensitivity of ∂ λ ∂ λ bu f f = 57 nm RIU . This is similar to the experimentally verified sensitivity in [24] . The bulk shift from water to buffer (PBS) is 25 pm, as shown on Fig. 8(b) . We use the formula derived in [25] to calculate the refractive index of water as 1.3159 at 1532 nm, the average wavelength of the TE and TM mode. The value of n b is then calculated using the following formula and amounts to 1.3163.
4. Proof of concept: dielectric layers and BSA proteins
Dielectric layers
A first proof of concept is given by measuring the thickness and the refractive index of deposited dielectric layers. Resonance wavelength shifts of the TE and TM modes were measured TM TE for various silicon oxynitride layers, that were deposited with plasma-enhanced chemical vapor deposition. Four different compositions of silicon oxynitride, each with a different refractive index, were deposited on four nominally identical chips. For each composition, the thickness of the layer was increased four times, and the resonance wavelengths were measured in between consecutive depositions. During each transmission measurement, the sensor was covered with water. The refractive index and the thickness of each deposition was measured with a spectroscopic ellipsometer on planar thin films that were deposited in the same run as the layers on the sensor. On Fig. 9 the measured ∆λ for both modes is shown for these 16 different configurations. Solving the measured shifts results in a standard deviation of 0.2 RIU and 1.4 nm on the difference between the refractive index and thickness values measured with the ellipsometer and our ring sensor respectively. The wavelength noise on these measurement was as high as 75 pm and 120 pm for the TE and TM modes respectively, probably caused by temperature variations in between the measurements. This high wavelength noise is the root for the high standard deviation on t and n. Nevertheless, the experiment is an indication that the sensor is able to determine thickness and refractive index of a thin layer on top of the waveguide. In experiments with protein binding however, the sensor chip does not leave the setup and as such attains wavelength noise as low as 220 fm, as shown in section 2.3. The next section outlays an example of such an experiment.
BSA experiment
A BSA molecule can be characterised as a prolate ellipsoid with dimensions 14nm × 4nm [26] . It is often used as a blocking agent in an immunoassay to prevent non-specific binding and adsorption to the surface [27] . The adsorption behaviour of BSA on the silicon surface of the microring is thus crucial to avoid measuring false positives. It is a soft protein, meaning that it can easily change structure and shape depending on the chemical context. In [28] it is shown that it forms reversible conformational isomers in a bulk solution with changing pH. Previous experiments have studied this behaviour in the context of adsorption on a silicon nitride surface with the DPI technique [22] by dissolving the BSA molecules in a PBS buffer and streaming this solution over the sensor. They have shown that the adsorption is reduced at pH 3 with respect to pH 5 [22] . As a proof-of-concept we record the (t,n) profile of the adsorption of the BSA molecule to the silicon surface, while changing the pH value of the buffer. This way, we show that the dual polarisation microring sensor is capable of recording conformational changes.
A 2mM phosphate buffer solution (PBS) was prepared with pH 5 and 3, to which BSA molecules were added until a concentration of 0.1 mg/ml was attained. Some PBS with pH 3 was left as running buffer. The laser was swept continuously from 1529-1543 nm, at a sweep rate of 2 nm/sec. The captured spectrum consisted of 4 fundamental TE modes and 3 fundamental TM modes. All the reagents were streamed over the chip at a rate of 30 µl/min. After streaming the calibration fluids as described in section 3, the experiment started by streaming PBS for 10 min. The flow was switched from running buffer to BSA in PBS at pH 3 for 10 minutes, followed by a 20 min incubation time. Then, we switched the flow to BSA in PBS at pH 5 for 10 minutes, after which an incubation time of 20 min followed. Eventually the flow was switched back to BSA in PBS at pH 3 for 10 minutes, followed by a 20 min incubation time, before the flow was switched to running buffer and eventually water. The captured resonance wavelengths of a TE and a TM mode are shown on Fig. 10(a) .
The calibration protocol is applied to obtain W ,H and n PBS and consequently the methods described in section 2.2 are applied to calculate the thickness and the refractive index of the adsorbed BSA layer during the experiment, as shown on Fig. 11 . With the commonly used density of proteins of ρ mol = 1.35 g/cm 3 , the adsorbed mass can be obtained from n by using the following formula [29] :
with n B the refractive index of the buffer and n mol the refractive index of the dry molecule, which is 1.45 for a wide class of proteins. The adsorbed mass, illustrated in Fig. 10(b) , can be calculated as
A comparison between the measurements made with DPI on silicon nitride [22] and with the SOI microring as described here, is presented in Table 1 . The values for pH 3 are referring to the first streaming of BSA in PBS at pH 3. For the thickness of the protein layer we see a difference smaller than 1 nm for pH 3 and about 2 nm for pH 5. For the refractive indices there is a difference of 0.02 RIU. The general trend of an increased adsorbed mass at pH 5 compared to pH 3 is confirmed, albeit with a higher adsorbed mass on silicon compared to silicon nitride. The increased adsorbed mass at pH 5 with respect to pH 3 can be explained by the fact that BSA molecules are close to their isoelectric point for pH 5, meaning that the molecules are almost free of charge such that they do not repel each other. This in contrast to BSA molecules at pH 3, which have a positive charge. This also explains the slow contracting that is occurring during pH 5. This can be seen at Fig. 11 , where the thickness decreases slightly during pH 5 and the refractive index, or density, rises with a similar small slope. At a pH value of 3 the BSA molecules are positively charged, while the silicon surface is negatively charged. Thus, the molecules tend to make as much contact as possible with the surface due to electrostatic attraction, forming a thin, yet dense layer. When the pH value rises from 3 to 5, the BSA molecules become neutral and thus they lose this strong electrostatic attraction. They thus form a thicker layer which is albeit less dense due to the expansion of the molecules.
Although it is clear that the trends of the adsorption behaviour are the same for both techniques, there are small differences in t, n and M of the adsorbed BSA layer as seen in Table  1 . We can explain these by looking at the different surfaces used in both techniques. To bond the silicon chip with a fluidic cell, we activated the silicon chip with an oxygen plasma, thus creating an extremely hydrophilic surface [30] . In comparison, the silicon nitride surface of the DPI technique is more hydrophobic. This different hydrophilicity has a great influence on the conformation of adsorption of BSA molecules [31] . Another observation that is being made in [31] is that the adsorption of BSA saturates at only 50% surface coverage for hydrophobic surfaces, while it can amount to 95% for hydrophilic surfaces. This is confirmed by the higher adsorbed mass with the SOI microring technique compared to the adsorbed mass with the silicon nitride DPI technique. Finally the authors of [31] also describe the inability to wash off adsorbed BSA molecules on a hydrophilic surface. This explains the non-reversible nature of this experiment: there is no decrease in mass when the fluid is switched back from pH 5 to pH 3. The BSA molecules become positively charged when the pH drops back to 3, such that they feel the electrostatic repulsion of neighbouring molecules, yet they can not desorb easily. At this stage we see a drop in refractive index to 1.335 , accompanied by an increase in thickness to 19 nm, which saturates to 14 nm, which is exactly the long side of the BSA molecules in bulk solution. This suggests that the BSA molecules turn upright due to the increased repulsion, such that they are dangling in the buffer, explaining the very thick and sparse layer. Since the BSA molecules have a pronounced denaturation during adsorption to hydropilic surfaces, they can be longer than in a bulk solution. The experimental observation of the inability to wash off the BSA molecules on a plasma-treated silicon surface under various conditions is important in an immunoassay as it prevents the blocking step to degrade in the washing steps of the immunoassay itself.
Conclusion
An optical biosensor that consists of a microring resonator based on the Silicon-on-Insulator platform and that is excited by two polarisations simultaneously has been presented. Tracking the resonance wavelength of a TE and a TM mode allows to calculate the thickness and the refractive index of a small (protein) layer, bound to the surface. For this, a calibration procedure and theoretical models have been presented. This sensor has been fabricated and as a proof of concept the refractive index and the thickness of adsorbed silicon oxynitride layers have been determined. To show the potential of this sensor for conformational analysis of proteins, the adsorption mechanisms of bovine serum albumin molecules on a silicon surface have been investigated. The results of these experiments correlate well with literature.
